Abstract -The majority of commercially available passive prosthetic feet are not capable of providing joint mechanics that match that of the intact human ankle. Due to their cantilever design, their stiffness characteristics contrast with what has been observed in the biological ankle, namely, an increase in stiffness during the stance phase of walking. In this paper, we introduce the design and control of a pneumatic foot-ankle prosthesis that attempts to provide biomimetic mechanics. The prosthesis is comprised of a pneumatic cylinder in series with a fiberglass leaf spring, and a solenoid valve to control the flow of air between the two sides of the cylinder. The solenoid valve acts as a mechanical clutch, enabling resetting of the ankle's equilibrium position. By adjusting the pressure inside the cylinder, the prosthesis can be customized to provide a range of ankle mechanics. A mechanical testing machine is used to compare the torque-angle curve of the pneumatic prosthesis with a low-profile passive prosthetic foot. Finally, data are presented of one transtibial amputee walking with the prosthesis at 1.2 m/s. The testing shows that the pneumatic prosthesis is capable of providing an appropriate range of motion as well a maximum torque of 94 Nm, while returning approximately 11.5 J of energy.
increase in metabolic energy of at least 15% compared to non-amputees [3] . This is metabolically comparable to an ablebodied individual carrying a 15 kg mass while ambulating [4] .
One of the most common types of prosthetic ankle-feet is known as "energy storage and return" (ESR), and these feet do not accurately provide the stiffness trends of the human ankle. These ESR feet generally resemble a cantilever beam, fixed at the heel and extend as a cantilever anteriorly towards the toe. They are often constructed from carbon fiber or other composites, and ideally store and return energy to the wearer during locomotion. One limitation associated with certain ESR prosthetic feet is that their stiffness profiles do not mimic that of the biological ankle. Mechanically, ESR feet are generally much stiffer initially, and become less stiff as the center of pressure (COP) moves from the heel to the toe during gait [5] . In contrast, the biological ankle has been shown to increase in stiffness during the controlled dorsiflexion region of stance phase [6] . The difference in stiffness trends may affect many aspects of locomotion, including energy storage and proper kinematics (e.g. joint range of motion), which can increase the difficulties of walking.
To address mobility limitations incurred from transtibial amputations, researchers have designed passive and quasipassive 1 prosthetic feet that seek to mimic the behavior of the intact human ankle during gait. Collins and Kuo [7] designed a quasi-passive ankle prosthesis that recycles energy from heel strike and returns it to the user during terminal stance phase. In addition, Hansen and Nickel [8] developed a passive ankle-foot prosthesis which was capable of performing in two modes: standing and walking. The prosthesis incorporated a locking mechanism, that enabled two separate stiffness profiles to provide an appropriate rollover shape during either walking or standing. Grabowski et al. [9] were also able to show reduced metabolic cost of walking in four unilateral transtibial amputee subjects wearing a newly developed prosthetic foot. The prosthesis incorporated a midfoot and metatarsophalangeal joint to have a biological range of motion, and was capable of emulating the torques produced by the human ankle via a series of cables, urethane springs, and fiberglass elements, but also had certain durability limitations.
In the past few decades, there has been substantial effort developing powered ankle prostheses which provide Fig. 1 . A) Schematic of the pneumatic foot-ankle mechanism, with the major mechanical components displayed. B) The variables that govern the behavior of the prosthesis are pointed out. As the ankle dorsiflexes, energy is stored in both the compression (side 1) of the air within the pneumatic cylinder, as well as the bending of the fiberglass spring. When the solenoid valve is opened, air can flow between the two sides of the cylinder, and the ankle is able to rotate freely about its axis.
net-positive mechanical energy during terminal stance phase, when energy is added to propel the body forward. These powered prostheses have been shown to normalize certain gait characteristics of transtibial amputees [10] . However, some drawbacks limit the potential impact of these encouraging technologies; namely finite battery life, mechanical complexity, substantial mass, and monetary costs.
The purpose of this study is to expand upon a previous ankle-foot prosthesis prototype presented in Mooney et al. [12] . The design is intended to have a biomimetic torque-angle relationship during the stance phase of gait by storing and releasing energy via a pneumatic cylinder in series with a fiberglass leaf spring. The goals of the design are to provide a customizable, lightweight prosthesis with an appropriate stiffness profile that is suitable for amputees of a wide range of masses and activity levels. The governing equations that describe the ankle mechanics are discussed, as well as the mechanical design and control of the prosthesis. The prosthesis was characterized using a mechanical testing machine, and compared to the properties of a common commercially available ESR foot. Finally, data were collected while a unilateral transtibial amputee walked with the novel prosthesis, and kinetics, kinematics, and energy storage characteristics of the pneumatic prosthesis were determined.
II. PROSTHESIS DESIGN

A. Mechanism and Governing Equations
In this section, the equations governing the behavior of the pneumatic prosthesis and the mechanical design will be explained. The mechanism is a compound spring that is comprised of a pneumatic cylinder and a fiberglass leaf spring in series (Fig. 1) . As the ankle dorsiflexes, energy is stored by the compression of air within the proximal side of the pneumatic cylinder. This compression of air produces a force which flexes a fiberglass spring located in the posterior of the device, storing additional energy. This stored energy is released at toe-off, providing a torque that plantarflexes the ankle during "push off." A solenoid valve is used to control the flow between the two sides of the cylinder. During the stance phase of walking, the solenoid valve is closed which allows the foot to store and release energy. After push-off, the valve is opened which allows the prosthesis to rotate freely, and remains open until the ankle is fully plantarflexed after heel contact, acting as a mechanical clutch. This resetting of the equilibrium angle is similar to previous work by Nickel et al. [13] where a cam and clutch mechanism was used to engage and disengage the ankle-foot mechanism.
The equations governing the behavior of the prosthesis are dependent upon the force acting through the pneumatic cylinder and the perpendicular (vertical) lever arm distance to the rotation center of the ankle. Assuming there is no heat transferred during the process (adiabatic), or the temperature does not change (isothermal), the ideal gas law can be simplified into the following relationship relating pressure, P, and volume, P,
where A and B denote after and before the process, and γ is the heat capacity ratio, defined as 1.4 for diatomic gasses in an adiabatic process, and 1 for an isothermal process. The force, F, in the piston can then be found by
where the numbers 1 and 2 indicate the compression (proximal) and vacuum (distal) side of the cylinder, respectively. P amb is the ambient pressure, a s is the cross-sectional area of the piston rod, a is the cross-sectional area of the cylinder, and L p is the change of piston position from the equilibrium position. The overall torque about the ankle, τ , is found by multiplying the force through the piston by the vertical distance to the center of rotation
where L a is the moment arm length of the prosthesis, and θ ank is the angle of the prosthesis. There are three individual contributions to the total angle of the prosthesis, θ ank . The first, θ p is the contribution due to the change in position of the piston. Using the small angle approximation, this contribution is found by
The second angular contribution is due to the bending of the fiberglass spring, θ s , and is found by using the equation for displacement of a simply supported cantilever beam loaded at its end
where L s is the length of the spring, E is the elastic modulus of the spring material, and I is the moment of inertia of the cross-section of the spring. Finally, θ b is the angle of the ankle before the process starts, and is chosen to be slightly plantarflexed, which matched the biological ankle at the onset of stance phase. Summing these three angular contributions results in the following expression for the total angle of the prosthesis, θ ank ,
It is important to note by inspection of Eq. 3 that the angular stiffness, dτ /dθ , of the pneumatic prosthesis is not a function of the location where the external load is applied. This is in contrast to most conventional passive prosthetic feet, whose stiffness is a function of both the angle as well as the location of the external force. In addition, by changing the initialization pressure, P init , of the cylinder, the maximum torque can be increased or decreased to customize the behavior of the device to a specific individual.
B. Component Selection and Mechanical Design
The design goals for the pneumatic prosthesis are listed below:
• Provide a biomimetic torque-angle relationship during the dorsiflexion region of stance phase • Minimize the starting pressure of the pneumatic cylinder • Minimize the mass of the prosthesis • Maximize the stiffness of the prosthesis while at a neutral angle (zero degrees) The overarching purpose of these design goals were to have maximal clinical benefit for individuals with transtibial amputations. A biomimetic torque-angle relationship has the potential to optimize the amount of energy return from the pneumatic foot. A lower initialization pressure permits easier set up and maintenance of the prosthesis, as well a reduced likelihood of leakage through the connections during use. Minimizing the weight of the prosthesis is helpful to reduce the metabolic demand required for locomotion [14] . The purpose of maximizing the stiffness at the neutral ankle angle was to provide comfort and stability to the user while standing, and was optimized by changing the starting position of the piston rod. By moving the starting position of the rod more proximally, the stiffness of the prosthesis increases in dorsiflexion, causing the stiffness in both directions to converge, since the difference in volume between side 1 and side 2 of the cylinder is smaller. A balance between matching the biological torqueangle curve, and making the prosthesis as stiff as possible at a neutral angle resulted in the piston rod starting at a distance of 4.5 mm from the distal end of the cylinder.
The parameters affecting these design goals include the geometry of the pneumatic cylinder, initialization pressure inside the cylinder, spring geometry, starting position of the piston rod, and moment arm length. These parameters were optimized by a combination of numerical optimization and heuristics to best balance the design goals. The parameters which best satisfy the design goals above are summarized below.
A cylinder was selected (NBDS4-CC01A-AA, Asco Numatics, Novi, MI) with an internal diameter of 38 mm, and a 25 mm stroke length. The selection of a larger diameter cylinder allowed for the system to operate at lower pressures, while still maintaining the appropriate torques. A second cylinder with an identical stroke length, but a diameter of 27 mm was acquired to provide a configuration that had less mass while providing a similar torque-angle relationship. The use of the smaller diameter cylinder simply requires raising the pressure to generate the same torque-angle curves as the larger cylinder. The fiberglass leaf spring (GC-67-UB, Gordon Composites, Montrose, CO) was chosen to have a cross section of 23 x 7 mm, with an effective length of 81 mm. The moment arm length was chosen to be as small as possible to reduce the height of the prosthesis as well as the mass, while still fulfilling design goals. This resulted in a moment arm length of 92 mm. Finally, a solenoid valve (B2013-C203, Gems Sensors and Controls, Plainville, CT) is used to control the flow between the two chambers of the cylinder, which changes the mechanical behavior of the prosthesis; the solenoid valve acts as a mechanical clutch. The housing of the prosthesis was machined from 7075-T6 aluminum, and was designed to minimize the overall weight of the device while still handling the loads experienced during locomotion. Simple finite-element analysis (FEA) simulations were completed investigating the main components to ensure that the housing had a factor of safety of at least 2 for a 135 kg user.
The fiberglass spring was constrained with plates and fasteners, and angular contact bearings (Kit 8330, VXB Bearings, Anaheim, CA) were used to allow the prosthesis to rotate and accommodate any medial-lateral loads. A standard male prosthetic pyramid adapter was used on the top of the device to interface with the amputee's socket, and extension plates were designed to attach to the front of the prosthesis to allow for custom foot lengths to accommodate individuals of differing sizes. The components depicted in Fig. 2 have a mass of 967 grams and a vertical height of 170 mm. See Table 1 for a breakdown of the mass properties.
C. Control System
The pneumatic prosthesis is capable of behaving in two separate modes to best accommodate the user: a free-swinging mode when the valve is open, and a high-stiffness mode during stance phase when the valve is closed. To allow the prosthesis to behave in the appropriate manner, the valve must open and close at the correct time. When the solenoid valve is open, air is able to flow freely from one side of the cylinder to the other and the prosthesis is able to rotate about the ankle axis (i.e. clutch disengaged). Conversely, when the valve is closed, air is unable to pass from one side of the cylinder to the other, and thus stores energy as the foot dorsiflexes and returns energy during terminal stance phase. By design, the solenoid valve is intended to be closed at the initiation of foot flat until the user has fully pushed off. The valve then opens, allowing the prosthesis to rotate freely. Since the cross-sectional area on side 2 of the cylinder is larger and both sides have equal pressure, there was a greater force on side 2 of the cylinder. Consequently, the ankle had a tendency to dorsiflex when the valve is opened, which facilitated toe clearance during swing phase. Finally, the valve remained open during heel-strike, allowing the ankle to naturally plantarflex, and closed once foot-flat occurred.
1) Mechatronic Hardware: To allow the prosthesis to behave as described above, a finite-state machine was implemented on a single-board computer (Model B, Raspberry Pi Foundation, Cambridgeshire, UK) in addition to a variety of peripheral hardware (Fig. 3) . A pressure sensor (SSCDLNN100PGAA5, Fig. 2 . Rendering of the pneumatic prosthesis being loaded. As the ankle dorsiflexes, energy is stored in the compression of air within the cylinder, as well as the bending of the fiberglass spring in the posterior aspect of the prosthesis (shown).
Honeywell, Morristown, NJ) was used in combination with a 16-bit analog to digital converter (ADS1115, Texas Instruments, Dallas, TX) to monitor the pressure on side 1 of the cylinder. A smart LED (MinM, ThingM Corp., San Francisco, CA) was used to indicate the state of the prosthesis (valve open vs. closed), and a circuit containing a MOSFET (STU60N3LH5, STMicroelectronics, Geneva, CH) was used as a switch for opening and closing the solenoid valve. A threecell 12V lithium polymer battery was used to provide power to the single-board computer and the solenoid valve, making the system completely mobile.
2) State Estimation and Control: State determination was based on the data that were continuously collected from the pressure sensor at 800 Hz. Proper opening of the valve was obtained by the observance of a substantial pressure drop (P drop ) between consecutive readings from the pressure sensor (P, P prev ). A threshold (P threshold ) was included in this condition to prevent the valve from opening while the user was not in walking mode (e.g. shuffling feet, turning around, or shifting weight while standing).
To close the valve at the appropriate time, the dynamics of the pressure inside the cylinder on side 1 were measured. While the valve was open, the pressure was identical on both sides of the piston. When the ankle was fully dorsiflexed, the volume in the cylinder was larger compared to when the ankle was plantarflexed. As a result, the pressure would rise as the ankle plantarflexes during heel-strike to foot-flat. This allows the position of the ankle to be determined by the pressure while the valve was open. Since the ankle was initially configured in the ideal position and at the pressure found from the optimization (P init ), the valve should close once the pressure returned to that original pressure in preparation for the next gait cycle. An upper and lower limit (P B , P S ) was utilized to allow for the valve to close once the pressure, P, returned to within a range of the initial pressure. The state transition criteria are shown in Table 2 .
After the system sensed the transition from state 1 to state 2 (Fig. 3A) , there was a delay which allowed the pressure to Fig. 3 . A) Schematic of the control system with description and transition events described. B) Hardware components that were used to implement the finite-state machine are depicted. The LiPo battery provides power to both the solenoid valve as well as the single-board computer.
return to the initial pressure. This condition allowed the user to fully push off and capture all of the energy that was stored during dorsiflexion.
III. METHODS
Mechanical testing was performed to determine the torqueangle curve of the pneumatic prosthesis. The experimental curve was compared to the theoretical curve found during the design process, as well as to the torque-angle curve of a commercially available ESR prosthetic foot. Finally, data was collected while a transtibial amputee walked on the pneumatic foot to validate the control system and estimate the torqueangle curve.
A. Mechanical Testing of Fiberglass Spring
To increase the accuracy of the theoretical model, the flexural modulus, E, of the fiberglass spring was obtained by mechanical testing. The spring was secured to a test fixture in a horizontal position, and then a testing machine (Sintech 20g, MTS, Eden Prairie, MN) displaced the spring at a rate of 25 mm/min. Data were collected at a rate of 10 Hz, and the test was terminated when fracture of the material occurred. The theoretical stiffness was found using the following equation for stiffness of a cantilever beam loaded at its end.
The experimental stiffness was found by calculating the slope of the load-displacement curve during elastic deformation.
B. Mechanical Testing of the Pneumatic Prosthesis
The pneumatic prosthesis was secured to the Neurobionics Lab Rotary Dynamometer, a custom-built dynamometer assembly via a mechanical fixture designed to rigidly hold the prosthesis. Initially, the piston of the cylinder was placed at its optimal location for gait as described in the design section (4.5 mm away from the distal end, or 4 degrees of plantarflexion for the ankle). The foot was tested at several pressures, and was loaded at several points along its length (105, 130, 155, and 180 mm from the center of rotation) by a plate mounted to the output shaft of an electric motor and transmission (BSM90N-3150AF, Baldor, Fort Smith, AR). The motor and plate applied a load to the bottom of the foot using a small aluminum part to allow for a single line contact along the bottom of the prosthesis. This permitted the behavior of the prosthesis to be characterized as a function of COP. The motor displaced the pneumatic prosthesis from a starting angle of −0.07 radians to a final angle of 0.37 radians at a rate of 0.1 rad/s. Torque about the ankle axis was collected by a 6-DOF load cell (45E15A M63J, JR3, Inc., Woodland, CA) mounted between the motor and the plate, and angles were collected by a high-resolution encoder (100,000 counts per revolution) included in the motor assembly.
C. Mechanical Testing of the Commercial Prosthesis
An identical protocol was used to determine the torqueangle curve of a low-profile ESR foot (Seattle Low Profile (SLP), 27 cm, category 3; Trulife, Poulsbo, WA). The prosthesis was tested without a footshell that typically encompasses the prosthesis during use. This was done because the pneumatic foot did not have a footshell, so this allowed for a more accurate comparison of true mechanical properties. The ESR foot was secured in an identical manner to the pneumatic prosthesis, using the same mechanical fixture. The foot was placed at a neutral angle and was loaded at various points along its length (90, 110, 130, and 154 mm, measured horizontally along the length of the foot directly below the center of the male prosthetic adapter) and displaced 0.07 to 0.1 radians depending on the location to avoid breaking the material. Since the ESR foot does not contain a revolute joint for its center of rotation, an axis was chosen and used consistently throughout the analysis to determine the torqueangle relationship of the prosthesis.
D. Clinical Testing
One unilateral transtibial amputee (right leg amputation, age 61, 93 kg) was selected to walk on the pneumatic prosthesis.
This portion of the study was approved by the Northwestern University Institutional Review Board, and informed written consent was obtained from the subject. The prosthesis was aligned by a certified prosthetist using the subject's daily-use socket, the subject was then given time to become familiar with the device, and subsequently instructed to walk on a treadmill at a self-selected pace, which averaged 1.2 m/s. The control system was adjusted to allow the prosthesis to correctly transfer between stance and swing phases, and the subject walked for a duration of 10 minutes. If the control system closed the valve at the incorrect time, it was reset and the subject was instructed to begin walking again. Pressure data was continuously collected on the compression side (side 1) of the cylinder and was used to estimate the torque-angle relationship of the prosthesis during walking.
E. Data Analysis
To convert the raw torque and angle data collected from the load cell and encoder into ankle torque, τ , and ankle angle, θ ank , the geometry of the setup was used, and matrix transformations were used to determine the torque about the ankle axis. Data from the load cell was continuously collected at 1 kHz. The raw data was filtered using a fourth order, zerophase Butterworth filter with a cutoff frequency of 30 Hz.
To calculate the torque-angle relationship of the pneumatic prosthesis during an amputee's gait, expressions for torque and angle as a function of pressure were obtained. This was implemented by recording pressure during mechanical testing, and then fitting a 2nd order polynomial curve to the torque-pressure and the angle-pressure data. For a pressure of 207 kPa, the following expression describes torque or angle as a function of pressure,
where c 1 −c 3 are the coefficients obtained from the polynomial curve fitting. Torque and angle were then determined based upon the reading from the pressure sensor to obtain an estimate for the torque-angle relationship of the prosthesis during use.
IV. RESULTS
A. Spring Stiffness
The theoretical stiffness was found to be 134.6 N/mm using Eq. 8, while the experimental stiffness was found to be only 92.7 N/mm, a 31% difference from what was provided by the manufacturer. The theoretical torque-angle curves shown in Fig. 4 were obtained by using the experimental value for the stiffness of the fiberglass spring.
B. Torque-Angle Relationship and Initialization Pressure
The pneumatic prosthesis was characterized at four initialization pressures, ranging from 0 kPa to 207 kPa (Fig. 4) , assuming the process to be isothermal (γ = 1), since deflections were performed slowly.
The prosthesis was loaded 130 mm away from its center of rotation, and the torque increased as the initial pressure inside the cylinder was increased. The max torque at 0.35 radians of dorsiflexion ranged from 87 Nm −94 Nm. This difference is smaller than calculated, and is the result of the cylinder bottoming out at a smaller angle when being tested at lower pressures. As a result, the leaf spring is fully responsible for all torque generated after this event, which can be observed in the later portions of the 0 kPa trial (lowest curve). The higher pressure trials deflected the spring more before the cylinder bottomed out, and as a result, do not demonstrate the same effect. A greater torque could be generated by continuing to dorsiflex the ankle during testing or walking.
C. Torque-Angle Curve and COP Location
The torque-angle relationship was obtained for an initialization pressure of 207 kPa, while testing the pneumatic prosthesis at various distances along the bottom of the foot. As expected due its cantilever design, the stiffness of the SLP decreased as it was loaded further away from its center of rotation (Fig. 5B) , while the torque-angle curve of the pneumatic foot is nearly identical regardless of the location it is being loaded. Additionally, the stiffness of the SLP is greater than the biological ankle for all angles, as evident in Fig. 6B . This prevents the SLP foot from going through an appropriate range of motion during locomotion.
D. Clinical Testing
The subject successfully completed 90 steps on the pneumatic foot while the control system of the prosthesis was operating. Fig. 6A shows the pressure data for each individual step, with the mean pressure overlaid. Data were normalized with respect to each individual gait cycle. Fig. 6B is an estimate of the normalized torque-angle curve of the pneumatic prosthesis during level ground walking, with the biological curve shown for reference [15] . ESR foot data obtained from Barr et al. [16] , [17] is plotted as well to show the difference between the pneumatic and ESR prosthetic feet (Carbon Copy II, The Ohio Willow Wood Company, A) The torque-angle curve for the pneumatic foot is shown for different loading locations while being tested at 207 kPa. It is important to note that curves are not dependent upon the location along the bottom of the foot that they are being loaded. B) The torque-angle curve for the SLP foot while loading at different locations. As the loading location moves away from the center of rotation, the stiffness of the SLP foot decreases.
Mt. Sterling, OH). The torque and angle estimates are both dependent upon the pressure values, and as a result, the quasi-stiffness of the prosthesis will be identical regardless of the pressure profile for that step. Energy storage and return magnitudes were calculated by taking the integral of the torque-angle curves, and resulted in 14.2 J of energy stored by and 11.6 J of energy returned by the pneumatic prosthesis.
V. DISCUSSION
The design, characterization, and control system development for a novel foot-ankle prosthesis were described in this study. The prosthesis provided the user with a more biologically accurate range of motion, while generating appropriate torques typically experienced during level ground walking, although over a larger range of motion (Fig 6B) .
One potential advantage of the pneumatic prosthesis compared to ESR feet in general is its ability to travel through an appropriate range of motion while storing energy. The prosthesis has a low initial stiffness that increased as the foot dorsiflexed. The low stiffness in the early portion of stance phase allowed for a more natural tibial progression during walking, which may contribute to a reduced metabolic cost of walking compared to stiffer prosthetic feet [11] . The behavior of this prosthesis was inspired by the biological ankle, and seeks to alleviate the cantilever design of certain ESR feet. As the center of pressure progresses towards the toe in the SLP foot, its stiffness decreases due to its cantilever design (Fig. 5B) .
This increased range of motion may also allow for much larger energy storage during stance phase compared to stiffer ESR feet [16] , [17] . Based on the results from testing (VB), the pneumatic foot stores around 14.2 J, or 0.15 J/kg. This is similar, but greater than the 0.10 J/kg of energy storage reported by Prince et al. [18] for the forefoot of the Flexfoot (78 kg subject). It is important to note that the pneumatic prosthesis has a higher profile than the Flexfoot, which is a medium profile foot, which may contribute to the increased energy storage. The pneumatic prostheses provided approximately 94 Nm of torque at maximum dorsiflexion, which is similar to the human ankle, although this occurred over a larger range of motion.
The pneumatic prosthesis introduced in this work was inspired by the intact human ankle, however, it is only capable of replicating the behavior of the human ankle in the controlled dorsiflexion region of stance phase. The able-bodied torque, angle, and stiffness properties were used as the basis for the design approach [6] . The ability to replicate these dynamics with a purely quasi-passive system was a result of the stiffness being nearly equivalent to the quasi-stiffness during controlled dorsiflexion [6] . Thus, despite the theoretical difference between these concepts [19] , the numerical equivalence permitted a quasi-passive system to provide these biomimetic dynamics. However, outside of controlled dorsiflexion, a quasipassive system will not be able to replicate the dynamics of the human ankle, since net-positive mechanical work is done during each step. In these other regions of the gait cycle, we expect that the ankle's stiffness may not be equivalent to the quasi-stiffness, and a powered system will be required to provide biomimetic torque, angle, and stiffness properties.
One advantage of the pneumatic foot is the ability to alter the torque-angle characteristics of the device by simply changing the initial pressure within the cylinder. This allows a prosthetist to quickly change the behavior of the prosthesis to better accommodate a wider range of individuals, or to adjust based on feedback from the user. The majority of commercially available passive ESR feet do not have the ability to change their mechanical characteristics once constructed, and a single prosthesis is not appropriate for all individuals. The pneumatic prosthesis provides a simple and reversible mechanism for altering the mechanical behavior of the prosthesis for individuals of different masses, activity levels, and walking speeds.
A key feature of the pneumatic prosthesis design is its ability to behave in two distinct modes. This is achieved through the use of a solenoid valve. While the valve is open, the ankle is free to rotate, and allows the user to experience a biomimetic heel-strike to foot-flat. This may aid in walking on different surfaces, including ramps or uneven terrain. It also gives the added benefit of dorsiflexing immediately after toeoff when the valve is opened to aid in toe clearance. While the valve is closed during stance phase, the foot stores and returns energy appropriately during the stance phase of walking. The control of the solenoid valve behaves similarly to a clutch, and is one of the unique features of this design.
The initial theoretical model predicted a stiffening torque profile, however the experimental results display a more linear profile (Fig. 4) . The error in the experimental versus the theoretical torque-angle curves has a variety of potential causes. The force acting through the pneumatic cylinder is directly dependent upon the pressure on each side of the piston, so any error between the predicted pressure and the actual pressure can cause a discrepancy in the curves. The equations governing torque do not take into account any friction between the piston seal and the cylinder body, which would alter the overall force through the cylinder. Additionally, the force acting through the pneumatic cylinder is assumed to be perpendicular to the spring, which is an approximation. As the ankle dorsiflexes, the line of force moves further away from the ankle axis, which may cause the stiffness of the spring to update due to a change in effective moment arm length.
Future work will focus on further refining the mechanism to better match the stiffening torque profile of the biological ankle, and investigating other mechanisms to store and return energy. One main drawback of the pneumatic prosthesis is its low stiffness while the user is standing. The incorporation of a mechanism to vary the stiffness while the user is standing could help with the clinical viability of such a device. Finally, a full clinical study including metabolic, kinematic, and kinetic data needs to be performed to fully understand any benefits that the pneumatic prosthesis can provide to transtibial amputees, and whether further development of the prosthesis is needed.
